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Minneapolis, MinnesotaABSTRACT In this study, we evaluated the hypothesis that the constituent fibers follow an affine deformation kinematic
model for planar collagenous tissues. Results from two experimental datasets were utilized, taken at two scales (nanometer
and micrometer), using mitral valve anterior leaflet (MVAL) tissues as the representative tissue. We simulated MVAL collagen
fiber network as an ensemble of undulated fibers under a generalized two-dimensional deformation state, by representing
the collagen fibrils based on a planar sinusoidally shaped geometric model. The proposed approach accounted for collagen
fibril amplitude, crimp period, and rotation with applied macroscopic tissue-level deformation. When compared to the small
angle x-ray scattering measurements, the model fit the data well, with an r2 ¼ 0.976. This important finding suggests that,
at the homogenized tissue-level scale of ~1 mm, the collagen fiber network in the MVAL deforms according to an affine kine-
matics model. Moreover, with respect to understanding its function, affine kinematics suggests that the constituent fibers are
largely noninteracting and deform in accordance with the bulk tissue. It also suggests that the collagen fibrils are tightly
bounded and deform as a single fiber-level unit. This greatly simplifies the modeling efforts at the tissue and organ levels,
because affine kinematics allows a straightforward connection between the macroscopic and local fiber strains. It also suggests
that the collagen and elastin fiber networks act independently of each other, with the collagen and elastin forming long fiber
networks that allow for free rotations. Such freedom of rotation can greatly facilitate the observed high degree of mechanical
anisotropy in the MVAL and other heart valves, which is essential to heart valve function. These apparently novel findings sup-
port modeling efforts directed toward improving our fundamental understanding of tissue biomechanics in healthy and diseased
conditions.INTRODUCTIONThe mitral valve (MV) is one of the four heart valves. It is
located in between the left atrium and the left ventricle,
and it regulates the unidirectional blood flow and normal
functioning of the heart during cardiac cycles. During sys-
tole of the cardiac cycle, the MV leaflets close to prevent
blood backflow from the left ventricle, accompanied by
shrinkage of the MV annulus, ventricular contraction of
the papillary muscles, and tightening of the MV chordae
tendineae. As in many physiological systems, mechanical
stimuli occur and have biological impacts at the organ, tis-
sue, and cellular levels. It is thus axiomatic that a complete
understanding of the MV function in healthy and diseased
conditions must be built on the biomechanics of the constit-
uent tissues and cellular populations.
Structurally, MV leaflet tissues are composed of four
layers: the atrialis (A) layer facing the atrium, the ventricu-
laris (V) layer on the ventricular side, and the inner spon-
giosa (S) and fibrosa (F) layers. The fibrosa is the thickest
layer, consisting mainly of a dense network of type I
collagen fibers, and is the primary load-bearing layer.Submitted January 2, 2015, and accepted for publication March 10, 2015.
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0006-3495/15/04/2074/14 $2.00The ventricularis and atrialis layers are composed of a
dense network of collagen fibers and radially aligned
elastin fibers, which provide sufficient resistance to large
radial strains when the MV is fully open. The spongiosa
layer contains a high concentration of hydrated glycosami-
noglycans and proteoglycans as the lubricant of shear
deformation between the fibrosa and ventricularis layers.
Each of these four layers has its distinct microstructure
and mechanical properties, leading to the highly nonlinear
and anisotropic tissue-level mechanical behaviors of the
mitral valve.
MV leaflets can be classified as a subclass of planar soft
connective tissues composed of collagen, elastin, and mus-
cle fibers, which include such structures as skin, vasculature,
and membranes (e.g. pericardium). The mechanics of planar
tissues is complex, involving both the straightening of
highly crimped collagen fibers and the rotation of all fibers
toward the stretch axis (1). An understanding of how these
structures work together to produce tissue-level responses
remains an active research area. One group of approaches
is to develop constitutive models based on tissue structural
features. Such modeling approaches attempt to link tissue-
level deformation at the macroscopic scale to the micro-
scopic (fiber) scale, and they can be deemed statisticalhttp://dx.doi.org/10.1016/j.bpj.2015.03.019
Affine Fiber Kinematics in MVAL Tissue 2075multiscale approaches (2). The idea of taking tissue struc-
ture into mechanical models of soft tissues goes back
to the work on leather mechanics by Mitton (3) in 1945.
In part of the first available planar biaxial data for soft tis-
sues, Lanir (4) developed the first comprehensive formula-
tion of a multidimensional structural constitutive model.
More recent studies have directly incorporated measures
such as fiber crimp and orientation (5–8). Structural consti-
tutive modeling approaches have been extended to compu-
tational simulations of soft tissue function (9–13).
A critical aspect of understanding the underlying struc-
ture-function relation in soft tissues is to clarify how the
constituent fibers rotate and stretch as the tissue is loaded.
Existing structural constitutive models typically assume
that the local deformation of the fibers follows the macro-
scopic tissue deformation—the so-called ‘‘affine’’ deforma-
tion assumption. An attractive feature of this simplifying
approach is the easy computation of the local fiber
stretch from the tissue-level deformation gradient tensor.
However, this intrinsically assumes that the local deforma-
tion is homogenous and we can potentially ignore more
complex local interactions as well as microscopic kine-
matics. The first study known to the authors that explored
this assumption was performed on pericardium and aortic
valve leaflet tissues (14,15). In these studies, it was
observed that the predicted responses were not in good
agreement with the experimental results under strip biaxial
stretch. Recently, a correction to the original data analysis
was performed, which suggested that affine kinematics for
collagenous tissues is a reasonable assumption at the macro
level (9).
Other studies of the affine behavior in soft tissues using
various loading scenarios, such as tension and compression
(16–18), have revealed mixed findings. For example,
Huyghe and Jongeneelen (18) reported the three-dimen-
sional finite strain of extracellular matrix samples of
bovine annulus fibrous tissue under physiological osmotic
prestress. The results indicate that the changes in external
prestress induce strongly nonaffine deformation of the tis-
sue, and that the macroscopic strains were generally not a
good evaluation of microscopic strains around clefts and
cells. Yet, the results were based on a small sample number
and the authors stated that no definite conclusions could be
drawn. A study of the inhomogeneous, anisotropic, and
nonlinear properties of human supraspinatus tendon by
Cortes et al. (16) suggested that affine deformation is
more evident for tendon regions of higher alignment, and
that nonaffine fiber behavior is dependent on specific tissue.
Hepworth et al. (19) studied the through-thickness reorien-
tation of collagen fibers in skin for testing a simple geomet-
rical affine deformation model. While the measured
reorientation of collagen fibers was found to be quite vari-
able, the average reorientation was consistent with the pre-
dictions by the affine deformation model, and the systematic
deviation of the model predictions from the measurementscan be explained by a nonaffine relationship between the
collagen fibers and the ground substance at the microscopic
scale. Collectively, these studies suggest that the deforma-
tion of fibrous proteins under applied loading is still not
completely understood.
Awell-known technique to study collagen fibril structure
and deformation under loading is small angle x-ray scat-
tering (SAXS), which has been applied to soft collagenous
tissues under uniaxial stretch (20–24). To our knowledge,
we have carried out the first study of the kinematics of
collagen fibrils under controlled biaxial stretch (25). As ex-
pected, the collagen fibril kinematics under biaxial stretch
was found to be more complex than that under uniaxial
deformation. Moreover, the magnitude of the D-period
strain of the collagen fibrils was observed to be substan-
tially less than that of the tissue strain and with a delayed
onset, while the alignment and orientation of the collagen
fibrils undergoes substantial changes in response to the
applied biaxial loading (26). We have also utilized this
approach in conjunction with simultaneous force measure-
ments to study kinematics and mechanical properties of
collagen fibrils in the MV anterior leaflet (MVAL) tissues
(27). In that study, collagen fibril straining did not initiate
until the end of the nonlinear region of the tissue-level
stress-strain curve under equibiaxial tension. At higher tis-
sue tension levels, the collagen D-spacing strain increased
linearly with increasing tension, with changes in the orien-
tation distribution of the collagen fibrils mainly having
occurred in the tissue toe region. The tangent modulus of
collagen fibers was estimated to be 95.5 5 25.5 MPa,
which was ~27 times higher than the tissue tensile tangent
modulus of 3.58 5 1.83 MPa. The relation to time-depen-
dent properties was also investigated, suggesting that the
collagen fibrils in the MVAL tissue do not exhibit intrinsic
viscoelastic behavior.
In this study, we utilized this unique dataset to evaluate
the key assumption of the structural models for planar
tissues—that the constituent fiber deformations follow an
affine deformation kinematic model. It should be noted
that the SAXS measurements are restricted to collagen
fibrils only, and are not affected by the presence of
the elastin fibers and other tissue components. Thus,
believed-novel optical-level studies using MVAL tissues
under similar controlled biaxial stretch conditions were
conducted additionally to explore simultaneous collagen
and elastin fiber-level kinematics and to clarify the role
of the measurement scale. We then developed a geometric
model, based on affine kinematics for straight and planar
sinusoidally shaped fibers, to simulate the changes in the
fibril and fiber orientation distribution functions with
applied deformations. The proposed approach accounted
for collagen fibril amplitude, crimp period, and rotation
in response to applied macroscopic deformation, and was
used to evaluate the assumption of an affine kinematics
model.Biophysical Journal 108(8) 2074–2087
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Experimental
Synchrotron small angle x-ray scattering
measurements—collagen fibril kinematics
Details of the experimental techniques and system have been previously
presented in Liao et al. (27). Briefly, a device was developed and utilized
to perform simultaneous measurements of tissue-level forces and deforma-
tions under planar biaxial loading. Fresh porcine MVs were acquired from a
local USDA-approved abattoir. MVALs were cut into 15  15 mm squared
specimens (n ¼ 5) with sides parallel to the circumferential and radial
directions of the leaflet, and the specimen was immersed in PBS (phos-
phate-buffered saline) at room temperature for the SAXS measurements.
From the measured forces and initial specimen dimensions, Lagrangian
membrane tension T (in N/m) was computed. Collagen fibrillar orientation
distributions were measured under an equibiaxial tension path to a peak
tension of 98 N/m.
Optical and histological measurements
Fresh ovine hearts were acquired from 40-kg sheep at a local abattoir, and
a 10  10 mm sample was taken from the anterior leaflet just below
the annulus to just above the first chordae tendineae attachment site
(Fig. 1 A). The overall approach and methods were utilized in our previous
work on the native pulmonary artery (28). In brief, samples were loaded
into a miniature biaxial testing system in conjunction with a model No.
FV1000 multiphoton microscopy (MPM) imaging device (Olympus,
Center Valley, PA) for measurements of both tissue-level deformations
and the microstructure of collagen and elastin fiber networks. Here, the
specimen’s circumferential and radial directions were aligned with the
device axes and submerged in a bath of PBS at room temperature.
Four graphite fiducial markers were placed in the center region of the
specimen and their positions were tracked optically with a Sony XCD-
SX910 camera (Sony, Tokyo, Japan) for computation of the macroscopic
tissue-level deformation gradient tensor F (29,30). The MVAL tissue spec-
imens were then divided into the following two groups (Fig. 1 B): 1) real-
time deformation and en face imaging, and 2) fixation and subsequent
imaging.Biophysical Journal 108(8) 2074–2087Experiment 1: multiphoton imaging and analysis of fiber kinematics. The
first experimental group was facilitated to quantitatively characterize
collagen and elastin fiber networks as a function of controlled physiological
loading. The MPM imaging was performed with a field of view of 500 mm
and an excitation wavelength of 800 nm at a 7% laser intensity transmis-
sivity via two-photon exited fluorescence: one channel was set at 400 5
100 nm for second-harmonic generation (SHG) signal of collagen fiber
network and the other one was set at 5255 50 nm for elastin autofluores-
cence (31). The sampling speed was set at 2 ms/pixel with a Kalman filter
and at an incremental z-step of 2 mm. The sample was first imaged en face to
a maximum penetration depth of 100 mm from the atrialis surface, and then
the process was repeated from the ventricularis surface. En face imaging
from the atrialis and ventricularis surfaces encompassed the spongiosa
and fibrosa layers, respectively (Fig. 1 C). Each MVAL tissue specimen
was loaded under equibiaxial tension up to a peak tension of 150 N/m
(32), which corresponds to the in vivo transvalvular pressure during systole,
and macroscopic deformation and MPM images of the collagen fiber
network in the atrialis and fibrosa layers and the elastin fiber network in
the atrialis and ventricularis layers (n ¼ 2) were acquired for the following
analysis.
Image stacks were compiled into a maximum intensity z-projection
(Fig. 2, A and B) using an in-house MATLAB program (The MathWorks,
Natick, MA). The superimposed image stack was first separated into the
collagen and elastin contents based on color channels. An algorithm devel-
oped by Chaudhuri et al. (33), Karlon et al. (34), and Courtney et al. (35)
was used to obtain the pixel intensity gradient for determination of the
preferred fiber direction for each subregion (Fig. 2 C). The analyzed
preferred fiber direction was then placed into a histogram to quantify the
fiber orientation distribution function (ODF) of the layer-specific collagen
and elastin fiber networks.
Experiment 2: SALS technique for fiber straightening and alignment. The
second experimental group was designed to quantitatively determine the
collagen fiber straightening and alignment under controlled physiological
loading. MVAL tissue samples (n ¼ 3) were loaded and fixed at 0 and
150 N/m. Each tissue specimen was fixed for 2 h in 2% PFA (paraformal-
dehyde) in the loaded configuration, and each sample was split into two sec-
tions (Fig. 1 B). The first section was used to measure the extracellular
matrix fiber alignment over the entire area of the specimen using the
SALS technique (36). Briefly, the specimen was glycerol-dehydrated inFIGURE 1 (A) An illustrative diagram of the
native mitral valve, showing key anatomical compo-
nents and the central belly region. (B) Schematic of
the experimental setup: two samples were loaded at
seven tension levels (0, 5, 10, 20, 50, 100, and 150
N/m) and imaged with two-photon microscopy
(TPM) in real time for visualizing the collagen
and elastin fiber networks in four different layers
in the first experiment; three samples were loaded
and fixed for 2 h in 2% PFA. Half of each sample
was scanned with SALS and the other half of sam-
ple was imaged with TPM. (C) Stained histologic
image showing four-layered structure of the MV
leaflet tissue (black, elastin fibers; blue, proteogly-
cans and glycosaminoglycans; yellow, collagen
fibers; and magenta, MV interstitial cells). (D)
Typical tension-stretch profile of the anisotropic
mechanic behavior of the MVAL tissue under equi-
biaxial loading. (Legend: A, atrialis; S, spongiosa, F,
fibrosa; V, ventricularis; C, circumferential direc-
tion; R, radial direction; T, transmural direction.)
To see this figure in color, go online.
FIGURE 2 Image analysis of the fiber networks:
(A) image stack from TPM visualizing collagen
(red) and elastin (green) fibers from SHG and
autofluorescence, respectively; (B) image stack
compiled into a single image via maximum inten-
sity z projection; and (C) Karlon’s algorithm
applied to track both collagen and elastin fibers
based on color-separated images. To see this figure
in color, go online.
Affine Fiber Kinematics in MVAL Tissue 2077graded solutions of glycerol and saline for 1 h. The fiber ODFs were re-
corded and then fitted by a dual Gaussian distribution function. The resul-
tant preferred fiber direction as well as the fiber splay was determined from
the fitted local minimum. The second section was paraffin-embedded and
cryosectioned on the circumferential-transmural plane. The sample slides
were deparaffinized and permeabilized with Triton-X for 20 min. Each
sample slide was then taken for MPM imaging at an excitation wavelength
of 830 nm with an incremental z-step of 1 mm. Representative slices of the
image stack were imported into the software IMAGEJ (National Institutes
of Health, Bethesda, MD) for the analysis of collagen fiber structure.
Percent observable collagen fiber crimp was determined with a threshold
function for the fibrosa layer. Fiber crimp was characterized by manually
measuring 10 different crimp periods per sample.Simulations
Affine fiber kinematic model for sinusoidally shaped fiber
populations
A deformation is affine if it can be composed of a linear transformation
and a rigid body translation. In geometry, an affine transformation, affine
map, or an affinity (from the Latin, affinis, which means ‘‘connected
with’’) is a function between affine spaces that preserves points, straight
lines, and planes. An affine transformation does not necessarily preserve
angles between lines or distances between points, although it does
preserve ratios of distances between points lying on a straight line. Affine
deformations, also called homogeneous deformations, have the general
form of
xðX; tÞ ¼ F XðtÞ þ cðtÞ; (1)
where x and X are the position vectors of a point in the deformed and refer-
ence configurations, respectively; t is time; F is the deformation gradienttensor; and c is the rigid-body translation.
In this work, we consider large populations of planar fibers character-
ized by an ODF that changes in some fashion with the applied macro-
scopic deformation. We thus drop any dependence on c because we are
focusing on material deformation phenomena only. Note that this
approach can be extended to three dimensions, but there are many appli-
cations in which planar organization is either an actual organization or a
good approximation of the local structure. The method for accounting
for the changes in an ODF with applied strain has been previously pre-
sented in Fan and Sacks (9). Briefly, we start with an infinitesimal element
dU0 of tissue, and let a fiber direction in the reference (undeformed)
configuration U0 be denoted by NðqÞ ¼ ½cosðqÞ; sinðqÞ; 0T with an orien-
tation angle q. Each individual fiber is assumed to reorient and stretch
independently but in accordance with the macroscopic tissue-level defor-
mation. Based on affine kinematics, the unit vector n(b) associated with
the fiber direction in the loaded (deformed) configuration Ut can be deter-
mined by (37)
nðbÞ ¼ FNðqÞ; (2)where F is the macroscopic deformation gradient tensor, and the orientation
angle in the loaded configuration b ¼ tan1½F21 sinðqÞ þ F22 cosðqÞ=
F11 sinðqÞ þ F12 cosðqÞ. Affine fiber kinematics states that the total num-
ber of fibers contained within an infinitesimal angular element is preserved
under deformation, i.e., NfiberGtðbÞdUt ¼ NfiberG0ðqÞdU0: By adopting
Nanson’s relation in finite strain theory (Fung (38)), the fiber ODF Gt(b)
in the deformed configuration can be determined by (9)
GtðbÞ ¼

l2N

J2D

G0ðqÞ; (3)
where lN ¼ jjFNjj denotes the stretch ratio along the fiber direction N, and
J is the determinant of the in-plane components of the deformation2D
gradient tensor. Equation 3 renders a means to predict the fiber ODF at
the deformed state based on the orientation angle at the reference state
and the given macroscopic tissue-level deformation.
Simulations of SAXS measurements. To simulate the collagen fibril
angular orientations as measured by SAXS, we assumed that the undulated
fibers can be idealized by planar sinusoids (Fig. 3 A)
yðx; a; pÞ ¼ a cosð2px=p pÞ; (4)
where x and y are the coordinates associated with the sinusoidal undulated
fiber along the x- and y axes, respectively, and a and p are the fiber ampli-tude and crimp period, respectively. Under the assumption that as fibers are
extended up to the point of just being fully straightened they undergo no
stretch, the fiber amplitude at the deformed state given the fiber stretch
lN can be determined by solving the nonlinear equation
Ltðat; ptÞ  L0ða0; p0Þ ¼ 0; (5)
where a0 and p0 are the fiber amplitude and fiber crimp period at the unre-R p0 ﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ0 2qformed state, respectively; and L0ða0; p0Þ ¼ 0 1þ ½y ðx; a0; p0Þ dx ¼R p0
0
ﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ
1þ ½ð2pa0=p0Þsinð2px=p0  pÞ2
q
dx is the arc length of the undulated
fiber at the undeformed state, pt ¼ min(L0, lN*p0) is the fiber crimp period
at the deformed state, and Lt is the arc length of the fiber at the deformed
state.
Utilizing the SHG measurements of the collagen fiber crimp, we deter-
mined the mean values for a and p. As noted above, the effects of fiber
undulation depend only on the a/p ratio, so we kept p fixed and represented
the variance in fiber geometry via a Gaussian distribution with the
mean amean and standard deviation asd for the fiber amplitude. Because
the SAXS technique is a transmitted electromagnetic energy technique,
it includes combined effects of all fiber undulations and orientations
(Fig. 3 A), and, therefore reflects what is actually measured is the compos-
ite ODF.
To account for both effects, we develop an expression for the composite
probability density function as follows. The fibrillar orientation angle at
location x is obtained by qðxÞ ¼ tan1½y0 ðxÞ ¼ tan1½ð2pa=pÞsinð2px=
p pÞ; which is a function of the random variable x ˛ [p/2, p/2] with
a uniform probability density function, i.e., x ~ Uniform(1/p). Using the
theory of the function of a random variable (39),Biophysical Journal 108(8) 2074–2087
FIGURE 3 (A) A schematic diagram of the hierarchical structure of the collagen fiber network, from undulated collagen fibers idealized by a sinusoidal
geometry, to collagen fibrils composed of tropocollagen molecules under stretch, and (B) the corresponding probability density functions of a single fiber at
different stretching states. To see this figure in color, go online.
2078 Lee et al.GfibrilðqÞ ¼ fQðqÞ ¼ 1
p

dq
dx
1
(6)
anddq
dx
¼ 4p
2 a cos½2px=p p
p2 þ 4p2a2 sin2½2px=p p
¼ p cos
2ðqÞ ﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ4p2a2  p2 tan2ðqÞp
p
:
(7)
We then obtain a single sinusoidal fibrillar angular orientation distribution
functionGfibrilðqÞ ¼ p
p cos2ðqÞ ﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ4p2a2  p2 tan2ðqÞp : (8)
In the unloaded state, Eq. 8 will produce a dual peaked distribution that will
collapse to a Dirac delta function d(q ¼ 0) for a fully straightened fiber
(Fig. 3).
To scale to the tissue level, we first note that the SAXS-measured ODF
represents the sum of the overall collagen fibril orientation, including the
effects of the sinusoidal geometry of each individual fibril and the fibrillar
angular probability density function. Therefore, as the MV leaflet tissue is
stretched, the ODF will change due to the rotation of the fibers in response
to the anisotropic stretching patterns (Fig. 1 D) as well as the straightening
of the constituent collagen fibrils. To derive the total expression, it was first
noted that the collagen fibers were completely straightened at the peak equi-
biaxial tensions of ~100 N/m in the SHG measurements. We thus assumed
that all the collagen fibrils are straight with no crimp at this loading level.
Following Fata et al. (7) and Fan and Sacks (9), we model the ODF at the
reference state G0(q) by a b-distribution function with a mean msplay and a
standard deviation ssplay. Based on affine kinematics (Eqs. 2 and 3) and the
measured deformation gradient tensor F, the fibrillar ODF at the fully
loaded state Gt(b) can be computed, and the fiber splay parameters msplay
and ssplay were determined by nonlinear least-squares fit of the ODF atBiophysical Journal 108(8) 2074–2087the fully loaded state Gt(b) between the model predictions and the SAXS
measurements (Fig. 4 A), using
min
ðmsplay;ssplayÞ
XnSAXS
i¼ 1
h
GAffinet

bi;msplay; ssplay
 GSAXSt ðbiÞ2i; (9)
where nSAXS is the number of the orientation angle data points of the
SAXS data.Next, we simulated the collagen fiber network of the MVAL tissue by
considering 30,000 collagen fibers, which represents the approximate num-
ber contained in a transmural section of the tissue. This number was esti-
mated based on the collagen fiber diameter of 3.75 mm, collagen fiber
volume fraction of 0.51, and the tissue thickness of 0.578 mm. This number
was also sufficiently large for accurate representation of the histogram of
the fibrillar ODF.
In our simulation, the amplitude associated with each undulated fiber aj
at the unloaded state was generated from a Gaussian distribution with a
mean amean and a standard deviation asd. It is noted again from our SHG
analysis that the fiber crimp period p was kept constant and the ODF
only depends on the a/p ratio in our calculation. These two parameters
(amean, asd) associated with the fiber structural information were estimated
by nonlinear least-squares fit of the fiber ODFs between the simulated re-
sults and the SAXS data (Fig. 4 B):
min
ðamean;asdÞ
XnSAXS
i¼ 1
h
GSim0 ðqi; amean; asdÞ  GSAXS0 ðqiÞ
2
þ GSim1 ðbi; amean; asdÞ  GSAXS1 ðbiÞ2i:
(10)
Herein, we used the ODFs at the reference state G0(q) and the first loaded
state G1(b) at the fitting procedure, and this yielded predictions at all other
loaded states in better agreement with the SAXSmeasurements. The overall
fiber orientation distributions at the subsequent loading states Gt(b) were
obtained using
FIGURE 4 (A) Flowchart of the characterization
of fiber splay parameters based on affine kine-
matics by assuming a b-function for the ODF at
the reference state G0(q) and all straightened fibers
at the fully loaded state, and (B) flowchart of the
quantification of the structural information about
the collagen fiber network considering 30,000 un-
dulated collagen fibers with fiber crimp effect and
the subsequent simulations of the ODFs in different
loading states Gt(b).
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bGSumt ðbÞZ p
2
p2
bGSumt ðbÞdb
;
bGSumt ðbÞ ¼ XNfiber
j¼ 1
pj
p cos2ðbÞ
ﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ
4p2a2j  p2j tan2ðbÞ
q ;
(11)
where bGSumt is the summation of the contributions of all 30,000 simulated
fibers at the deformed state, and GSimt is the model predicted ODF renormal-
ized to unit area.
Simulations of MPM measurements. To investigate fiber reorientation of
the collagen and elastin fiber networks in different layers of the MVAL tis-
sue under physiological loading, we adopted the aforementioned two-step
algorithm to simulate the collagen fiber networks in MVAL layers
(Fig. 4, A and B). This was done by considering affine kinematics and fiber
crimp, in which layer-specific collagen fiber splay parameters msplay and
ssplay, as well as the fiber microstructural information (amean and asd),
were quantitatively estimated via the nonlinear least-squares fit of the
collagen fiber ODFs at the reference and fully loaded states between the
MPMmeasurement and the simulation results. On the other hand, we noted
in our SHG measurements that the elastin fibers are all approximatelyTABLE 1 Summary of experimental techniques and the use of eac
Modality Acronym Source
Small angle x-ray scattering
(real-time)
SAXS x-ray (l ¼ 12.4 nm,
beam size ¼ 0.4 mm)
angu
de
Multiphoton microscopy
(second harmonic generation,
real-time)
MPM (SHG) optical fluorescence
at 4005 100 nm
angu
Multiphoton microscopy
(autofluorescence, real-time)
MPM (AF) optical fluorescence
at 5255 50 nm
angu
Small angle light scattering
(fixation)
SALS optical He-Ne laser
(l ¼ 632.8 nm, beam
size ¼ 0.254 mm)
angu
Multiphoton microscopy
(fixation)
MPM optical fluorescence
(l ¼ 830 nm)
im
ODF, orientation distribution function.straight in all loading states, and, therefore, only the first stage of the pro-
posed algorithm (Fig. 4 A) was used to characterize layer-specific elastin
fiber splay parameters in the atrial and ventricularis layers without consid-
eration for the fiber crimp effect. It should be noted that the alignments of
the collagen and elastin fiber networks in the atrialis layer were orthogonal
to those fiber networks in the fibrosa and ventricularis layers based on our
observations with SALS. Also, reliable elastin fiber measurements for only
the ventricularis layer could be obtained.
Summary of experimentations and usage of acquired data
sets for the proposed affine kinematic model
We summarized in Table 1 the experimentations described previously, what
data were acquired, and how each of the data sets was used for the subse-
quent analyses and in the parameter estimation of the proposed affine
kinematic model. Briefly, for real-time measurements of collagen fibril
kinematics, SAXS data were used to validate the assumption of affine
collagen fibril kinematics as well as for the parameter estimation of the pro-
posed model for a collagen fiber network at the fibrillar level. In addition,
we used the MPM SHG data, which provided layer-specific information
about both collagen and elastin fiber networks, to evaluate the proposed
affine kinematic model for both collagen and elastin fiber networks at the
fiber level. Next, we used the SALS data only, to present the transmural
composite fiber architecture in specimens fixed at the zero-stress state.
Finally, we used the MPM imaging on transmural sections from theseh acquired data set
Data Acquired Structure Usage
lar orientation distribution
rived from SAXS patterns
collagen fibrils quantifying fibril ODF
(steps 1 and 2 in Fig. 4)
lar orientation distribution
based on image analysis
collagen fiber
network
quantifying layer-specific
collagen fiber ODF (steps 1
and 2 in Fig. 4)
lar orientation distribution
based on image analysis
elastin fiber
network
quantifying layer-specific
elastin fiber ODF (step 1
in Fig. 4)
lar orientation distribution
based on SALS patterns
effective fiber
network
total tissue ODF in
unloaded state
ages of collagen fiber
structure
collagen fiber
network
quantifying layer-specific
collagen fiber crimp
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2080 Lee et al.same fixed specimens to quantify layer-specific collagen fiber crimp ampli-
tude and crimp period in the unloaded state.RESULTS
General observations
Consistent with previously published results in Grashow
et al. (40) and May-Newman and Yin (41), the biaxial
response of the MV was nonlinear, anisotropic with
peak circumferential and radial strains of 20 and 40%
(Fig. 1 D), respectively. The strain levels reached were
similar to the previously reported in vivo analysis, suggest-
ing that the designed equibiaxial tension protocol accurately
approximated the strain field of the MV during systolic
closure. Histologically, the collagen-rich fibrosa layer, pro-
teoglycan-rich spongiosa layer, and the elastin-rich atrialis
and ventricularis layers were evident (Fig. 1 C). The
elastin-rich atrialis also contained collagen fibers, whereas
the ventricularis layer was effectively only a thin surface
layer of elastin fibers that quickly transitioned to the
collagen-rich fibrosa layer. From the circumferential-trans-
verse sections, the collagen and elastin fibers in the atrialis
were more punctate, indicating an out-of-plane orientation
in the radial direction, while the collagen fibers in the
fibrosa layer and elastin fibers in the ventricularis layer
were oriented along the circumferential direction that isFIGURE 5 (A) SHG images superimposed with the autofluorescence from TP
collagen and elastin fibers in the atrialis layer were aligned in the radial directio
the fibrosa and ventricularis layers (red, collagen fiber; green, elastin fiber). (B) T
(C) Histogram of the collagen fiber orientation at the fully loaded state quantified
MVAL tissue. (D and E) Representative three-dimensional rendering of the colla
go online.
Biophysical Journal 108(8) 2074–2087perpendicular to the fiber direction in the atrialis layer
(Figs. 1 C and 5, A and B).
Moreover, we found that the collagen and elastin fibers
in the atrialis layer were closely packed (Fig. 5 A).
Confirmation of the orientation of these two fiber networks
at a larger scale (~250-mm-diameter region) was performed
with SALS. This corresponded with the collagen and
elastin fiber networks oriented radially in the atrialis
layer, and the collagen and elastin fibers oriented cir-
cumferentially in the fibrosa and ventricularis layers
(Fig. 5 C). It was also found that, in the fibrosa layer,
although the fibers were largely oriented along the circum-
ferential direction, there was a distinct weaving pattern
(Fig. 5, D and E).
In the unloaded state, the collagen fibers were crimped
with an identifiable period (Fig. 6 A). With the application
of tension loading, the majority of the collagen fibers lost
their crimp as mechanically engaged, although some resid-
ual crimp remained (Fig. 6 B). Collagen fiber crimp was
quantified for the collagen fibers of the atrialis and fibrosa
layers as summarized in Table 2.Predictions of fibril-level kinematic results
We first fitted one typical measured collagen fibril angular
distribution at the fully loaded state by applying affineM of the MVAL tissue at the fully loaded state (150 N/m), showing that the
n whereas the fiber networks oriented along the circumferential direction in
he mean preferred fiber directions of the collagen and elastin fiber networks.
by SALS, clearly indicating the aforementioned two fiber populations of the
gen fiber network in the fibrosa and atrialis layers. To see this figure in color,
FIGURE 6 Collagen fibers visualized with SHG from TPM for trans-
verse cryosections at equibiaxial tension of (A) 0 N/m and (B) 150 N/m,
showing substantial reduction in collagen fiber crimp amplitude in the
loaded state. To see this figure in color, go online.
Affine Fiber Kinematics in MVAL Tissue 2081kinematics, resulting in a fit of the b-parameters msplay ¼
6.53 and ssplay ¼ 17.22, with an r2 ¼ 0.985 (Fig. 7 A).
Next, we utilized these values and the measured fiber crimp
period (p¼ 22.85 mm) to simulate G0(q) by summing up the
contributions of all 30,000 undulated fibers. The model fit
the SAXS measured data quite well (Fig. 7 B), with an
r2 ¼ 0.903, whereas the prediction of the collagen fibril
ODF G0(q) at the reference state without fiber crimp was
very poor, with an r2 ¼ 0.252 (Fig. 7 C). This demonstrated
the essential need of incorporating the proposed sinusoidal
geometry to account for the fiber crimp effect in modeling
the collagen fiber/fibril micromechanisms. Moreover, the
collagen fiber amplitude was estimated as follows: amean ¼
2.42 mm, asd ¼ 0.92 mm, which agrees with our SHG obser-
vation for the collagen fiber network in the fibrosa layer
(aSHG ¼ 2.45 0.4 mm). The estimated fiber splay parame-
ters, and collagen fiber structural data of the five MVAL
tissue specimens, were summarized in Table 3.
We further investigated model predictions of the collagen
fibril ODFs at different loading states by applying the
measured deformation gradient F at each state and consid-
ering the corresponding rotation and straightening of the un-
dulated fibers. As observed, the overall model predictions
are in very good agreement with the ODFs Gt(b) measured
in SAXS (Figs. 8 and 9). These remarkable results suggest
that the collagen fiber network in the MVAL deforms very
closely to the affine fiber kinematic model (Eq. 3) at the ho-
mogenized tissue-level scale of ~1 mm. Moreover, we esti-TABLE 2 Quantified microstructural information of the
collagen fiber network in the fibrosa and atrialis layers at the
unloaded (reference) state using the MPM imaging technique
(n ¼ 3 MVAL samples)
Description Amplitude a (mm) Crimp Period p (mm) Mean a/p Ratio
Fibrosa layer 2.45 0.4 22.855 2.7 0.105
Atrialis layer 5.925 1.4 19.965 5.0 0.297
Note that the atrialis layer exhibited larger crimp amplitudes but similar
crimp periods so that its a/p ratio was nearly three times that of the fibrosa
layer.mated the effective fiber splay’s standard deviation by the
direct fit of the collagen fibril ODF at each loading state.
Both the SAXS measured and numerically predicted fiber
splay properties indicate that the straightening of the con-
stituent collagen fibers dominates the SAXS measured
pattern (Fig. 8, A–C) in the low-strain regime (<~25 N/m)
during equibiaxial stretch, leading to the reduction of the
effective fiber splay’s standard deviation from ~30 to
~20, whereas the fiber splay tends to remain constant
beyond the above-tension level (Fig. 9).Predictions of fiber-level kinematic results
It should be reemphasized that the SAXS measurements
analyzed in the previous section are restricted to collagen
fibrils only, and are not directly influenced by the presence
of the elastin fibers and other components. On the other
hand, the MPM imaging technique offers a means to
explore both the collagen and elastin fiber networks in
different layers of the MV tissue under physiological
loading. For collagen fibers, the predictions of the fiber
ODFs at the reference and fully loaded states via the affine
fiber kinematic model in conjunction with a sinusoidal
fiber geometry (Table 3) were in fairly good agreement
with the MPM measurements for both the atrialis and fi-
brosa layers (Fig. 10). For elastin fibers, only affine kine-
matics was used and the model predictions (Table 3)
agreed well with the MPM measurements for both the
atrialis and fibrosa layers (Fig. 10). These results indicate
that the elastin fiber network behaves as a group of straight
fibers, in accordance with our observations in the MPM im-
ages. Results of both collagen and elastin fiber networks
serve as another validation of the affine kinematics
assumption at the fiber level.DISCUSSION
Overall findings
In this work, we attempted to address the question of how
the constituent fibers in dense planar tissues respond kine-
matically to loading, using the MVAL as a representative
tissue. By simulating MV networks of fibrils or fibers,
changes in orientation and stretch were determined based
on affine fiber kinematics and the predictions were in
good agreement with the experimental observations at
both fibrillar and fiber levels. When compared to the
SAXS measurements (Figs. 8 and 9), the model fit the
data quite well, with an r2 ¼ 0.976. Similar agreement
was obtained from the optical-level measurements, for
both undulated collagen fibers and straight elastin fibers
(Fig. 10). To our knowledge, this is the first known fully
generalized kinematic study conducted for soft collagenous
tissues. These straightforward yet remarkable results sug-
gest that the collagen and elastin fiber networks in theBiophysical Journal 108(8) 2074–2087
FIGURE 7 Comparisons of the typical collagen
fibril ODFs between the SAXS measurements
and the model predictions: (A) at the fully loaded
state considering all straight fibers, and (B) at the
reference state considering 30,000 undulated fibers
with fiber crimp effect. (C) Predicted ODFs at the
unloaded state with and without the consideration
of the fiber crimp effect. To see this figure in color,
go online.
TABLE 3 SAXS and SHG fitted collagen fibril, collagen fiber,
and elastin fiber fitted structural parameters
Description
Fibrosa Layer
(SAXS)
Fibrosa Layer
(SHG)
Atrialis Layer
(SHG)
Collagen fiber network
amean (mm) 1.985 0.54 2.58 4.94
asd (mm) 0.735 0.35 0.36 0.96
msplay (deg) 11.495 6.75 19.65 70.85
ssplay (deg) 17.315 0.22 11.75 14.78
Elastin fiber network
msplay (deg) N/A 26.62 62.75
ssplay (deg) N/A 10.21 11.68
The SAXS results are reported as mean5 SE (n ¼ 5). Note here that the
SAXS mean crimp amplitude agreed well with measured SHG, because
both were taken from the fibrosa layer. Moreover, the SHG data suggest
that the collagen and elastin fibers have very similar fiber splay and
preferred directions.
2082 Lee et al.MVAL tissue deform according to an affine kinematic
model at the homogenized tissue-level scale of ~1 mm.
The implications of this finding are many. They include
both fundamental and applied subjects, such as improving
our understanding of native heart valve design, providing
a means to model valvular function, and helping in develop-
ment of therapies for treating MV diseases. Moreover, with
respect to understanding its function, affine kinematics sug-
gests that the constituent fibers within the MV leaflet tissues
are largely noninteracting and deform with the bulk tissue.
This greatly simplifies the modeling efforts at the tissue-
and organ levels, because affine kinematics allows a
straightforward connection between the macroscopic tissue
and local fiber strains. It also suggests that the collagen and
elastin fiber networks act independently of each other. Why
is this? Most likely, it suggests that the collagen and elastin
form long fiber networks that allow free rotations. Such
freedom of rotation can greatly facilitate the observed
high degree of mechanical anisotropy (42), which is essen-
tial to heart valve function. It also suggests that the collagen
fibrils are tightly bounded and deform as a single fiber-level
unit.
On a larger scale, we also found substantial layer differ-
ences in the collagen and elastin fiber planar organizations.
We identified two opposing collagen and elastin networks
on the opposite sides of the mitral valve leaflet—a structure
not observed in the semilunar valves. For semilunar valves
(aortic and pulmonary), the bulk collagen fibers were in
the fibrosa layer, which orient in the circumferential direc-
tion, resulting in minimal strain along this direction. So,
why does the MV have two separate opposing networks?
The MV is under the highest transvalvular pressure gradientBiophysical Journal 108(8) 2074–2087and may need a secondary fiber network in the atrialis layer
to provide further support during the cardiac cycle. This
could be achieved simply with an increase in thickness or
a single randomly oriented network, but instead, there exists
two fiber networks on the opposite sides of the mitral valve
that are perpendicular to each other. The radially oriented
collagen fibers in the MV atrialis layer may serve to
decrease compliance along the radial direction. Moreover,
the radially oriented elastin fibers in the atrialis layer may
further aid in restoration of the valve to its initial/unloaded
configuration, as seen in the ventricularis layer for the aortic
valve (43,44). The distribution of these two separate net-
works may also allow for greater controllability over the
two axes of flexure to further optimize the gross three-
dimensional leaflet deformations during the closure of the
FIGURE 8 (A–H) Comparisons of the collagen fibril ODFs at the reference state G0(q) and at different loading states Gt(b) between the typical SAXS
measurements and the model predictions. To see this figure in color, go online.
Affine Fiber Kinematics in MVAL Tissue 2083valve. Although exploration of such possibilities is beyond
the scope of this study, the quantitative architectural data
set derived from this work will provide the necessary param-
eters to answer the aforementioned hypotheses with a
computation-modeling-based approach.Relation to short fiber systems
The affine deformations found in this study occur
commonly in long fiber systems. However, in the case of
short fiber systems, particularly with fiber-fiber interconnec-
tions, local nonaffine behaviors can manifest themselves
(45–48). The additional local degrees of freedom allow for
local nonaffinity, whereas long, relatively free fiber net-
works do not have such interconnections and can follow
the strain fields at the larger scale. However, it should be
noted that they still reproduce many of the salient features
of affine-deformed networks because the fiber systems can
be locally nonaffine. We have demonstrated this in our
recent studies of electrospun fibrous systems (49,50).Relation to cellular deformation and
strain-induced tissue failure
Within each of the four layers of the MV leaflet tissues there
resides a heterogeneous population of interstitial cells that
maintain the structural integrity of the MV tissue via protein
biosynthesis and enzymatic degradation (51–54). Among all
valve interstitial cells (VICs), mitral valve interstitial cells
(MVICs) have the characteristics of both fibroblasts and
smooth muscle cells. Studies of VICs in both human
and porcine valve tissues have revealed that the cells are pre-
sent throughout the valve leaflet tissues (55,56). Recent
long-term studies have indicated that the recurrence of
significant mitral regurgitation after surgical repair may
be much higher than previously believed, particularly in
patients with ischemic mitral regurgitation (57–59). Sur-
gery-induced excessive tissue stress and the resulting tissue
failure have been viewed as potential etiological factors
(57). These repair-induced stress alterations lead to changes
in MVIC metabolism and collagen biosynthesis, and are
essential in understanding the biomechanical responses atBiophysical Journal 108(8) 2074–2087
FIGURE 9 Fitting error metric r2 versus the applied tension level, and the
comparison of the effective fiber splay at different loading states between
the SAXS measurements and the simulation results via affine kinematics.
Note that seffective was determined by fitting the collagen fibril ODF data
with a b-distribution. To see this figure in color, go online.
2084 Lee et al.the organ, tissue, and cellular levels. Moreover, tissue stress-
induced MVIC deformation can have deleterious effects on
the biosynthetic states of MVICs that are related to the
reduction of tissue maintenance as well as the organ-level
failure.
Therefore, to better understand the interrelationships be-
tween tissue-level loading and cellular responses, we devel-
oped an integrated experimental-computational approach in
a parallel study (60) to quantify the in situ layer-specificFIGURE 10 Comparisons of the collagen and elastin fiber ODFs at different l
the atrialis and fibrosa layers (solid diamond, SHG measurements; solid circle
measured data, suggesting that the both the affine kinematic and fiber crimp (
in color, go online.
Biophysical Journal 108(8) 2074–2087MVIC deformations under controlled biaxial tension
loading, and to explore the interrelationship between the
MVIC stiffness and deformation to layer-specific tissue me-
chanical and structural properties. We found that MVIC
deformation is primarily controlled by each tissue layer’s
respective structure and mechanical behavior rather than
the intrinsic MVIC stiffness. To our knowledge, this novel
finding further suggests that while the MVICs may be
phenotypically and biomechanically similar throughout
the leaflet, they experience layer-specific mechanical stimu-
latory inputs due to distinct extracellular matrix architecture
and mechanical behaviors of the four MVAL tissue layers.
These results underscore the need for layer-specific biome-
chanical information, such as the fiber kinematic presented
herein, in our understanding of valve functioning mecha-
nisms and in motivating the development of reliable compu-
tational modeling approaches.Relation to structurally driven constitutive
models
One could use this sinusoidal model, based on elastica solu-
tions, to simulate effects of the exogenous cross-linking that
occurs when collagenous tissues are chemically modified.
Such cross-linking can dramatically increase the fiber flex-
ural stiffness, so that measurable forces can be generated
by the simple straightening of the fibers. However, the pri-
mary goal of this work is the verification of the affine defor-
mation assumption for planar collagenous tissues. Thisoading states between the simulated results and the SHG measurements for
with line, simulations). In all cases the model agreed very well with the
for collagen) model was appropriate for MVAL tissues. To see this figure
Affine Fiber Kinematics in MVAL Tissue 2085allows one to determine the local fiber strain Ef in the fiber
direction N(q) from the macroscopic tissue-level Green-
Lagrange strain tensor ~E using
Ef ¼ NTðqÞ~ENðqÞ; (12)
where~E ¼ 1
2

~C ~I: (13)
Next, we idealized the elastic behavior of soft tissues as
pseudo-hyperelastic composite materials (61). The total
strain energy function J of soft tissue at a representative
volume element can then be defined using
J

~E
 ¼ ffJf Ef þ fmJm~Eþ pðJ  1Þ; (14)
whereJf andJm are the strain energy density functions for
the collagenous fiber and nonfibrous matrix phases, respec-
tively; ff and fm are the volume fractions of the fiber phase
and matrix phase, respectively, with ff þ fm ¼ 1,
J ¼ detð~FÞ; and p is the Lagrange multiplier to enforce
the incompressibility due to soft tissue’s high water content.
Subsequent development of J will depend on the informa-
tion available, the issues of the biological problem to be
addressed, and the preferences of the investigator. It is
important that, regardless of the particular strain energy
function form chosen, affine deformation of the fibers
allows this structural constitutive modeling approach to be
employed, which greatly simplifies the computational effort
for modeling the mechanical behavior of collagenous soft
tissues.Study limitations
In this study, we utilized an equibiaxial tension state to
simulate physiological loading scenarios. Based on our
understanding of the MV in vivo deformations (29), the
resulting strains (Fig. 1) appeared as reasonably good
approximations. We also utilized a quasi-static loading sce-
nario due to experimental limitations. Yet, we know that the
MVAL undergoes very high strain rates during normal oper-
ation (29,62). However, it has been observed that valvular
tissues are largely strain-rate insensitive (63), so that the
responses measured here are likely to represent the in vivo
response.
The SHG imaging systems has been successfully utilized
previously in several studies (7,64,65), although it does have
resolution limitations and the results presented herein are
necessarily limited by the technique’s ability to distinguish
fiber structures. Overall, our fiber-level results are a good
approximation of the ensemble fiber responses, but we
cannot rule out local (i.e., submicron scale) nonaffine
deformations of individual fibers. And while there are un-
doubtedly similarities in tissue architectures, details of thefindings in this study should be understood only for
MVAL tissues. Continued studies will be needed to evaluate
the findings for specific tissues that have very different phys-
iological features and functions.CONCLUSIONS
In this study, we utilized two experimental datasets at two
scales (nanometer and micrometer) of the MVAL tissues
to evaluate the key assumption of the structural models for
planar collagenous tissues—the collagen fibrillar deforma-
tion follows an affine deformation kinematic model. We
simulated the MV collagen fiber network by representing
the collagen fibrils via a sinusoidal geometric model for
an ensemble of undulated fibers under a generalized two-
dimensional deformation state. The proposed approach
accounted for collagen fibril amplitude, crimp period, and
rotation with applied macroscopic deformation. When
compared to the SAXS measurements, the model fit the
data quite well, with an r2 ¼ 0.976. This basic result sug-
gests that the collagen fiber network in the mitral valve ante-
rior leaflet deforms according to the affine model at the
homogenized tissue-level scale of ~1 mm. Moreover, with
respect to understanding its function, affine kinematics sug-
gests that the constituent fibers within the MV are
largely noninteracting and deform with the bulk tissue.
It also suggests that the collagen fibrils are tightly
bounded and deform as a single fiber-level unit. This greatly
simplifies the modeling efforts at the tissue and organ
levels, because affine kinematics allows a straightforward
connection between the macroscopic tissue and local
fiber strains. It also suggests that the collagen and elastin
fiber networks act independently of each other, and,
most likely, the collagen and elastin form long fiber net-
works that allow free rotations. Such freedom of rotation
can greatly facilitate the observed high degree of mechani-
cal anisotropy (42), which is essential to heart valve
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